The data used in this research were collected subject to the informed consent of the participants. Access to the data will be granted in line with that consent, subject to approval by the project ethics board. Data Availability: Anonymized experimental data used in this study can be found at DOI Identifier: <https://dx.doi.org/10.5281/zenodo.834542>. The musculoskeletal model Freebody can be accessed from <http://www.msksoftware.org.uk>

Introduction {#sec001}
============

Healthy loading of the tibiofemoral joint of the knee during activities of daily living including gait involves significant tibial anterior shear and tibial internal rotation torque \[[@pone.0190672.ref001]\]. The anterior cruciate ligament (ACL) is the primary restraint to anterior shear and a major secondary restraint to internal tibial rotation \[[@pone.0190672.ref002]\]. Therefore, ACL deficiency through sports trauma results in anterior tibial translation and tibial internal rotational instability of the knee \[[@pone.0190672.ref003]\].

Knee movement is a function of external forces and of muscle forces \[[@pone.0190672.ref004]\]. In ACL-deficiency, knee joint stability is provided through the action of concavity compression of the tibiofemoral articulation on the medial side, where the compressive forces push together the concave surface of the joint. However, this stability mechanism is not present at the lateral knee compartment as the lateral tibial plateau is convex, resulting in an unstable and more mobile compartment. As a result, during normal knee joint loading with a tibial rotational torque, the rotational axis of the knee moves medially, creating an excessive translation of the lateral compartment \[[@pone.0190672.ref005]--[@pone.0190672.ref008]\]. This excessive movement then causes secondary conditions including damage to the other passive restraints to these motions, such as cartilage, menisci, and the collateral ligaments \[[@pone.0190672.ref009]--[@pone.0190672.ref011]\]. ACL deficiency is implicated with an increase in the rate of osteoarthritis \[[@pone.0190672.ref012], [@pone.0190672.ref013]\] and limits athletes in their activity \[[@pone.0190672.ref014]\].

There is a subset of ACL deficient patients who are able to return to pre-injury activity without surgical intervention; these are termed copers. Coping is achieved through avoiding muscular contraction that produces an anterior shear force through, for example, avoiding full contraction of the quadriceps especially during the early stance phase and when the knee is at full extension \[[@pone.0190672.ref015]\]. An alternative coping mechanism counteracts quadriceps contraction through co-contraction of the hamstrings \[[@pone.0190672.ref016], [@pone.0190672.ref017]\] and through the adaptation of muscle firing \[[@pone.0190672.ref018]\]. The other set is that of non-copers who undergo ACL reconstruction surgery \[[@pone.0190672.ref016]\], where there may be a residual internal rotation instability \[[@pone.0190672.ref019]\]. Prior work has shown that activating muscles crossing the knee with functional electrical stimulation (FES) is able to reduce anterior tibial translation (ATT), a surrogate measure of the anterior shear force \[[@pone.0190672.ref020]\]. It has also been shown that FES, assisted with a knee brace, can be used to learn a muscle contraction pattern that then, once learned, persists despite halting the use of FES \[[@pone.0190672.ref012]\]. Thus, the underpinning hypothesis of this work is that FES can restore normal ATT at the lateral compartment of the knee by entraining the contraction of specific knee muscles.

The main muscles involved in the movement of the knee are the quadriceps, gastrocnemius and hamstrings. Of these, the hamstrings afford the most potential to reduce anterior tibial shear force and thus restore ATT to normal \[[@pone.0190672.ref004], [@pone.0190672.ref021], [@pone.0190672.ref022]\] as they are anatomically located to apply a posterior pull to the tibia \[[@pone.0190672.ref023]\]. Biceps femoris long head (BFLH) is the best candidate for selective activation in order to resist the peaks of anterior shear force and internal rotation torques during the stance phase of gait \[[@pone.0190672.ref004]\]. It has been shown in a modelling study that activation of BF is able to decrease the anterior tibial shear force when knee flexion is less than 40° \[[@pone.0190672.ref024]\]. Additionally, because BFLH attaches to the fibular head on the lateral aspect of the knee, it is expected that it will also be able to resist the large internal rotation torque and hence the large pathological motion of the lateral compartment in ACL deficiency \[[@pone.0190672.ref005], [@pone.0190672.ref006]\]. Thus, it is hypothesized that activation of BFLH is able to restore knee stability in non-copers to allow them to become copers.

This preliminary study addresses two main questions: first, can muscle activation reduce the internal rotation torque and the anterior tibial shear force? Secondly, what is the optimum muscle activation to achieve this? Also, the effects of the muscle activation on other loading across the knee is examined. The study is a combination of computational modelling and an *in vivo* experimental study in healthy control subjects.

Materials and methods {#sec002}
=====================

Physical experiments {#sec003}
--------------------

This study was approved by the Imperial College London Research Ethics Committee and written informed consent was obtained from all participants. Twelve healthy subjects (5 male, 7 female; height 1.67 ± 0.08 m; mass 66.74 ± 16.80 kg; age 26.08 ± 2.29 years) were recruited and underwent normal gait and functional electrical stimulation (FES) gait in sequence. During normal gait, subjects walked across the walkway in a self-selective comfortable walking speed, taking several steps prior to landing the right foot entirely on the force plate, and continuing for several steps. FES gait immediately followed the normal gait. The skin of the right BFLH region was prepared with 70% isopropyl alcohol skin wipes and two FES electrodes (Odstock 2 Channel Stimulator, Odstock Medical Ltd., UK) were placed over the region: one placed in the middle of the line between the ischial tuberosity and the lateral epicondyle of the tibia, and the other placed two hand widths distal to the first \[[@pone.0190672.ref025]\]. The frequency of the stimulator was set to the manufacturer recommended level of 40 Hz and simulation current was set to a minimum value of 40 mA. The subject was asked to stand on their left leg in a neutral position, while the stimulator was activated. In all cases this resulted in visible flexion of the right knee, confirming the excitation of BFLH. The intensity was then adjusted to the maximum level that the subject was able to comfortably withstand. The FES stimulation current was set up to start with one second of ramp up, followed by four seconds of maximum current and then one second of ramp down. The stimulator was manually started by the subject and timed so that the stimulation current was at its maximum value from when the right foot stepped on the force plate, through heel strike, until toe off. Several practice trials were made to allow the subject to become accustomed to the required timing after which motion capture commenced. Ground reaction forces (GRF) were recorded at 1000 Hz from a force plate (Kistler Type 9286BA, Kistler Instrument AG, Winterthur, Switzerland). A ten-camera motion analysis system (Vicon Motion Systems Ltd, Oxford, UK) recorded the motion of the right lower limb at 200 Hz; eighteen retro-reflective markers were attached to the foot, thigh and pelvis with an additional two clusters of three markers attached to the shank and thigh \[[@pone.0190672.ref026]\] ([Fig 1](#pone.0190672.g001){ref-type="fig"}). The subjects walked for six trials for normal gait and six for FES gait, of which a random selection of three trials each were used for data analysis.

![Optical motion tracking markers and FES electrodes positioning.](pone.0190672.g001){#pone.0190672.g001}

Lower limb musculoskeletal model {#sec004}
--------------------------------

Open source musculoskeletal modelling software, Freebody V2.1 \[[@pone.0190672.ref027], [@pone.0190672.ref028]\], was used. This has been validated for knee joint forces and muscle activity using direct measures from instrumented implants and electromyography \[[@pone.0190672.ref028]\]. The segment-based lower limb model consists of the foot, shank, thigh, pelvis and patella (the patella segment is assumed to be massless, and its position and orientation is determined based on the knee flexion angles and the geometry of the patellofemoral joint \[[@pone.0190672.ref027]\]). The model inputs are the kinematics data from the retro reflective markers and the kinetic data from the force plate. The model calculates the intersegmental forces and torque at the proximal end of each segment \[[@pone.0190672.ref029]\]. Each subject's anatomical geometry was created by linear scaling of an MRI-based anatomical dataset. The dataset consists of 163 muscle elements representing 38 lower limb muscles. The muscle attachment sites, joint centres of rotation, and tibiofemoral contact points were manually digitized from the MR imaging of a male subject (1.83 m, 96 kg, 44 years) \[[@pone.0190672.ref028]\]. The model quantifies the muscular and joint reaction forces experienced by the lower limb during the recorded movement through minimisation of a cost function \[[@pone.0190672.ref030]\]: $$min{\sum_{i = 1}^{163}\left( \frac{f_{i}}{f_{max_{i}}} \right)}^{3}$$ where *f*~*i*~ is the muscle force of muscle element *i* (*i* = 1,...,163) and *f*~*maxi*~ is the maximal muscle force of muscle element *i*, which is determined by multiplying published physiological cross-sectional areas of muscle element *i* by an assumed maximum muscle stress of 31.39 N/cm^2^ \[[@pone.0190672.ref031]\], constrained by the equations of motion of the whole lower limb: $$\begin{bmatrix}
\mathbf{S}_{\mathbf{i}} \\
\mathbf{M}_{\mathbf{i}} \\
\end{bmatrix} = \begin{bmatrix}
{m_{i}E_{3 \times 3}} & 0_{3 \times 3} \\
{m_{i}\mathbf{c}_{\mathbf{i}}} & \mathbf{I}_{\mathbf{i}} \\
\end{bmatrix}\ \begin{bmatrix}
{\mathbf{a}_{\mathbf{i}} - \mathbf{g}} \\
\overset{¨}{\mathbf{\theta}_{\mathbf{i}}} \\
\end{bmatrix} + \begin{bmatrix}
0_{3 \times 1} \\
{{\overset{˙}{\mathbf{\theta}}}_{\mathbf{i}} \times I_{i}{\overset{˙}{\mathbf{\theta}}}_{\mathbf{i}}} \\
\end{bmatrix}\ \begin{bmatrix}
E_{3 \times 3} & 0_{3 \times 3} \\
\mathbf{d}_{\mathbf{i}} & E_{3 \times 3} \\
\end{bmatrix}\ \begin{bmatrix}
\mathbf{S}_{\mathbf{i} - 1} \\
\mathbf{M}_{\mathbf{i} - 1} \\
\end{bmatrix}$$ where *i* is the segment number or joint number (numbering from distal to proximal), ***S~i~*** the proximal intersegmental forces, ***S***~***i*−1**~ the distal inter-segmental forces, ***M~i~*** the proximal intersegmental torques (notional joint torques), ***M***~***i*−1**~ the distal intersegmental torques (notional joint torques), ***I~i~*** the inertia tensor, ${\overset{¨}{\mathbf{\theta}}}_{\mathbf{i}}$ the angular acceleration about COM, ***a~i~*** the linear acceleration of COM, *m*~*i*~ the segment mass, *E*~3×3~ the identity matrix, ***c~i~*** the vector from the proximal joint to the segment COM and ***d~i~*** is the vector from the proximal to the distal joint.

In order to quantify the effect of higher muscle activation of BFLH produced by the FES at the knee, a revised optimisation method is proposed: $$min{\sum_{i = 1}^{162}\left( \frac{f_{i}}{f_{max_{i}}} \right)}^{3}$$ where *f*~*i*~ is the muscle force of muscle element *i* (*i* = 1,...,162) and $f_{max_{i}}$ is the maximal muscle force of muscle element *i*.

In the revised optimisation method, the muscle force of BFLH is set as a constant value during the stance phase to replicate the physical stimulation of the muscle by FES. This value is set at a muscle activation, *c* times the maximum force of BFLH. As the attachment sites of BFLH are on the shank and thigh segments, the equations of motion of the shank and thigh segments were modified by the inclusion of an additional term to give: $$\begin{bmatrix}
\mathbf{S}_{\mathbf{i}} \\
\mathbf{M}_{\mathbf{i}} \\
\end{bmatrix} = \begin{bmatrix}
{m_{i}E_{3 \times 3}} & 0_{3 \times 3} \\
{m_{i}\mathbf{c}_{\mathbf{i}}} & \mathbf{I}_{\mathbf{i}} \\
\end{bmatrix}\ \begin{bmatrix}
{\mathbf{a}_{\mathbf{i}} - \mathbf{g}} \\
\overset{¨}{\mathbf{\theta}_{\mathbf{i}}} \\
\end{bmatrix} + \begin{bmatrix}
0_{3 \times 1} \\
{\overset{˙}{\mathbf{\theta}_{\mathbf{i}}} \times I_{i}\overset{˙}{\mathbf{\theta}_{\mathbf{i}}}} \\
\end{bmatrix} + \begin{bmatrix}
E_{3 \times 3} & 0_{3 \times 3} \\
\mathbf{d}_{\mathbf{i}} & E_{3 \times 3} \\
\end{bmatrix}\ \begin{bmatrix}
\mathbf{S}_{\mathbf{i} - 1} \\
\mathbf{M}_{\mathbf{i} - 1} \\
\end{bmatrix} - \begin{bmatrix}
{\left( {c \times f_{BFLH_{max}}} \right) \cdot \mathbf{n}_{\mathbf{B}\mathbf{F}\mathbf{L}\mathbf{H}}} \\
{\left( {c \times f_{BFLH_{max}}} \right) \cdot (\mathbf{r}_{\mathbf{B}\mathbf{F}\mathbf{L}\mathbf{H}} \times \mathbf{n}_{\mathbf{B}\mathbf{F}\mathbf{L}\mathbf{H}})} \\
\end{bmatrix}$$ where *c* is a constant, $\mathbf{f}_{{\mathbf{B}\mathbf{F}\mathbf{L}\mathbf{H}}_{\mathbf{m}\mathbf{a}\mathbf{x}}}$ the maximum force of BFLH, ***n***~***BFLH***~ the line of action of BFLH and ***r***~***BFLH***~ the moment arm of BFLH. In this study, *c* was increased in increments of 0.05 until the peak anterior tibial shear was reduced to zero, where *c* is a value between 0 and 1, to make sure that the BFLH force does not exceed its maximum activation value. The reduction in BFLH activation theoretically causes a reduction in tibial internal torque, which was calculated as the product of the reduction of BFLH muscle force and its moment arm at the time frame at which peak anterior tibial shear occurred.

Data analysis {#sec005}
-------------

The stance phase was expressed in a 0--100% duration with a step interval of 1% using cubic spline data interpolation. Walking speed, knee joint torque, anterior shear force, knee contact force and patella tendon force were measures of interest and expressed as the mean value of three trials. Knee joint torque and knee contact force were presented in the tibial coordinate frame. Patella tendon force was calculated from the force balance across the patellofemoral joint. To test the hypothesis that the peak of the tibial internal rotation torque and the anterior shear force were reduced by applying the FES over the BFLH, the differences between normal gait and FES gait were compared using a one-tail paired-samples t-test with an α level of 0.05. All data processing and analysis was conducted in MATLAB (The Mathworks Inc., Natick, MA).

Results {#sec006}
=======

Walking speed during FES gait (0.25m/s) was significantly reduced by 7% compared to normal gait (0.27m/s; *p* = 0.036).

The peak value of the tibial internal rotation torque across all subjects was 0.0012± 0.0010 Nm/BW during normal gait. It was reduced by 63% to 0.0005 ±0.0004 Nm/BW (*p* = 0.032) when BFLH was stimulated by FES ([Fig 2](#pone.0190672.g002){ref-type="fig"}). The first peak of adduction torque and of flexion torque were not significantly different during FES gait compared to normal gait (*p* = 0.3457 and *p* = 0.2623, respectively; [Fig 3](#pone.0190672.g003){ref-type="fig"}).

![Peak knee internal rotation torque across twelve subjects during normal and FES gait.](pone.0190672.g002){#pone.0190672.g002}

![Knee joint torques in three planes for one representative subject during normal and FES gait (mass 48.9kg, height 1.60m): (a) transverse, (b) sagittal, and (c) frontal planes.](pone.0190672.g003){#pone.0190672.g003}

In the standard optimisation method, the peaks of anterior shear force and internal rotation torque both occurred at late loading response (between 12.6% and 18.8% of the stance phase). Mean peak anterior shear was 0.2892 ± 0.0766 BW. The muscle activation of BFLH at peak anterior shear was 0.0152 ± 0.0214. Increasing BFLH activation incrementally resulted in an incremental reduction in the anterior shear force ([Fig 4](#pone.0190672.g004){ref-type="fig"}). The activation of BFLH (expressed as a *c* value) required to reduce the peak anterior shear force to zero in the revised optimisation ranged from 0.15 to 0.40 with a mean *c* value of 0.208 ± 0.084. Applying the mean value of 0.208 to all subjects, reduced the peak anterior shear force to below zero in 11/12 subjects and was 0.0778 BW for the other subject ([Fig 5](#pone.0190672.g005){ref-type="fig"}). At the time frame at which peak anterior shear force occurred, the reduction in tibial internal torque was calculated as the product of the reduction of BFLH muscle force and its moment arm at that time frame and normalised by body weight. This level of muscle activation at 0.208 caused a 188% reduction of the internal rotational torque of 0.0226 ± 0.0167 Nm/BW (*p* = 0.0002).

![Anterior shear force for one representative subject (mass 48.9kg, height 1.60m) using standard and revised optimisation methods with different values of *c*.\
The activation of biceps femoris long head is expressed as a *c* value. The arrow indicates that the peak anterior shear force was reduced to zero with *c* = 0.30 in the revised optimisation.](pone.0190672.g004){#pone.0190672.g004}

![Peak anterior shear force using standard and revised optimisation methods (n = 12, *c* = 0.208).](pone.0190672.g005){#pone.0190672.g005}

The knee compressive force with 0.208 BFLH muscle activation is shown in [Fig 6](#pone.0190672.g006){ref-type="fig"}. The first peak of lateral knee compressive force was increased by 276% ([Fig 6(B)](#pone.0190672.g006){ref-type="fig"}, *p*\<0.0001) during FES gait when compared to normal gait, resulting in an increase in overall knee compressive force of 144% ([Fig 6(C)](#pone.0190672.g006){ref-type="fig"}, *p* = 0.0003). There was no significant difference for the first peak of medial knee compressive force ([Fig 6(A)](#pone.0190672.g006){ref-type="fig"}, *p* = 0.2373).

![Knee joint compressive forces using standard and revised optimisation: (a) medial, (b) lateral, (c) total force (n = 12).](pone.0190672.g006){#pone.0190672.g006}

The patella tendon force with 0.208 BFLH muscle activation is shown in [Fig 7](#pone.0190672.g007){ref-type="fig"}. The first peak of patella tendon force was increased significantly (*p* = 0.0000) by 61% from 1.5700 ± 0.4635 BW in normal gait to 2.9100 ± 0.7922 BW during the FES gait.

![Patella tendon force using standard and revised optimisation (n = 12).](pone.0190672.g007){#pone.0190672.g007}

Discussion {#sec007}
==========

This study tested, using a combined modelling and experimental approach, the hypothesis that selective activation of the BFLH, one of the hamstrings, can theoretically and practically reduce the anterior tibial shear and knee internal rotation torque at the knee. The hypothesis was derived due to the anatomy of the muscle, which attaches on the fibular head that articulates with the lateral tibia and so has the potential to resist a large internal rotation torque and hence the pathological motion of the lateral compartment that occurs in ACL deficiency \[[@pone.0190672.ref005], [@pone.0190672.ref006]\]. We found that the anterior shear force and the knee internal rotation torque were reduced when BFLH was stimulated with FES.

FES gait was slower than healthy gait and therefore it is possible that the reduction in internal rotation torque may be due to this small 7% reduction in speed in addition to that due to the FES assisted muscle activation. However, it is expected that this effect due to speed is small compared to the large 63% reduction in internal rotation torque. Furthermore, the BFLH stimulation does not affect the knee adduction torque and flexion torque ([Fig 3(B) and 3(C)](#pone.0190672.g003){ref-type="fig"}, p\>0.01).

The modelling approach used two optimisation methods to solve the muscle indeterminacy problem; both of these optimisation methods show that when the ACL is loaded during weight acceptance in FES gait the peak tibial internal rotation torque was reduced. The reduction of the tibial internal rotation torque indirectly affects the value of the anterior shear force \[[@pone.0190672.ref032]\]. Theoretically, as BF inserts on the fibula its activation in a flexed knee is able to pull the tibia posteriorly. In this study, the peak anterior shear force was significantly reduced when FES was applied during weight acceptance, before full knee extension. This work is consistent with the model simulation by Shelburne et al \[[@pone.0190672.ref004]\] and the experimental study by Chen et al \[[@pone.0190672.ref020]\] showing that by increasing the muscle activation of the hamstrings, ATT was reduced by 0.2 cm with the knee in 20° to 50° of flexion. Also, in healthy gait body weight is transferred onto the forward limb in the weight acceptance phase. In contrast, for FES gait, the posterior pull of the extra activation of the BFLH by the FES resulting in slower than normal gait, as found in our study.

Here, the modelling cost function was modified from its standard form by assigning a weighting, *c*, to simulate BFLH stimulation. The value of *c* for each subject that reduced anterior shear force to zero was found and the mean value of *c* across all was 0.208. This mean value was then used, resulting in only one subject having a very small positive anterior shear force, demonstrating that the use of a mean value to simulate external activation using FES is appropriate. This particular subject required a *c* value greater than 0.208 to decrease anterior shear force. This may be due to the subject's characteristics: this was the tallest and heaviest subject. This work also follows the literature in which a similar *c* value of 0.25 was used to simulate the electrically stimulated muscle activation of gluteus medius to reduce the medial knee joint reaction force \[[@pone.0190672.ref033]\]. In the literature, hamstrings activation without FES has shown that 56% of the maximal hamstring muscle force could reduce the ATT to a normal level during the stance phase of gait \[[@pone.0190672.ref022]\]. That study modelled motions in the sagittal plane only and so cannot be compared for tibial internal rotation. Focusing on ATT only would suggest that the hamstrings on the medial side could also reduce anterior shear force and this has been shown in other modelling studies \[[@pone.0190672.ref004]\]. However, as these do not assess tibial internal rotation torque, their results cannot be compared here.

It should be noted that in this study over activation of the hamstrings resulted in a higher knee contact force due to the co-contraction of the quadriceps muscles to overcome the flexion torque due to the hamstrings activation. This has been addressed in a previous study by Catalfamo et al. \[[@pone.0190672.ref014]\] who proposed that a 50% biceps femoris stimulation is more appropriate than a 100% stimulation to reduce ATT due to the pathological increase in knee joint forces and we have provided further evidence for this proposal.

This study has some limitations. Firstly, the test cohort comprised only healthy control subjects; future work should focus on conducting experiments on ACL deficient subjects to test the applicability of this method in a clinical cohort. We would expect the results in such a cohort to be amplified as an ACL deficient subject would have reduced ability of the passive stabilisers to resist the ATT and internal rotation torque, thus emphasising the effect of the musculature. Secondly, future work should investigate not only the effect of activation of BFLH in ACL deficient subjects, but also include the effect of stimulating other muscles. A confounding factor in ACL deficient subjects is that they already demonstrate altered muscle activation patterns that might result in a different pattern of internal rotation torque and anterior shear force \[[@pone.0190672.ref005], [@pone.0190672.ref034], [@pone.0190672.ref035]\]. Thus, such studies might also include an investigation of compensatory muscle activations due to selective activation of BFLH, perhaps through the use of electromyography. Third, the use of static optimisation to determine the muscle forces needs to be further validated, as it may not reflect in vivo muscle force generation \[[@pone.0190672.ref036]\]. Fourth, the timing of FES can be improved by placing the switch under the subject's heel, to enable the FES to be set to to high stimulation during heel strike of the injured leg and set to low stimulation during heel strike of the contralateral leg. However, in this study the four seconds of stimulation was enough to make sure the high stimulation occurred during stance phase and was synchronized with the revised optimisation. Finally, the application of a constant muscle activation for the whole of stance phase as achieved here is neither desirable, nor practical. Technology to allow selective activation at the peak of anterior tibial shear should be developed for appropriate clinical use.

Conclusion {#sec008}
==========

This study is the first to have shown that selective activation of the BFLH can reduce the anterior tibial shear and tibial internal rotation torque at the knee in healthy subjects. It opens the way for new rehabilitation therapies for ACL deficient subjects using FES.

This research was performed within the Medical Engineering Solutions in Osteoarthritis Centre of Excellence (reference number: 088844/Z/09/Z), which is funded by the Wellcome Trust and the EPSRC. Nur Liyana Azmi is supported by the Malaysian Ministry of Higher Education.

[^1]: **Competing Interests:**The authors have declared that no competing interests exist.
